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Abstract Cartilage is considered a biphasic material in
which the solid is composed of proteoglycans and colla-
gen. In biphasic tissue, the hydraulic pressure is believed
to bear most of the load under higher strain rates and its dis-
sipation due to fluid flow determines creep and relaxation
behavior. In equilibrium, hydraulic pressure is zero and load
bearing is transferred to the solid matrix. The viscoelasticity
of the collagen network also contributes to its time-dependent
behavior, and the osmotic pressure to load bearing in equi-
librium. The aim of the present study was to determine the
relative contributions of hydraulic pressure, viscoelastic col-
lagen stress, solid matrix stiffness and osmotic pressure to
load carriage in cartilage under transient and equilibrium
conditions. Unconfined compression experiments were sim-
ulated using a fibril-reinforced poroviscoelastic model of
articular cartilage, including water, fibrillar viscoelastic col-
lagen and non-fibrillar charged glycosaminoglycans. The
relative contributions of hydraulic and osmotic pressures and
stresses in the fibrillar and non-fibrillar network were eval-
uated in the superficial, middle and deep zone of cartilage
under five different strain rates and after relaxation. Initially
upon loading, the hydraulic pressure carried most of the load
in all three zones. The osmotic swelling pressure carriedmost
of the equilibrium load. In the surface zone, where the fibers
were loaded in tension, the collagen network carried 20% of
the load for all strain rates. The importance of these fibers
was illustrated by artificiallymodifying the fiber architecture,
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which reduced the overall stiffness of cartilage in all condi-
tions. In conclusion, although hydraulic pressure dominates
the transient behavior during cartilage loading, due to its vis-
coelastic nature the superficial zone collagen fibers carry a
substantial part of the load under transient conditions. This
becomes increasingly important with higher strain rates. The
interesting and striking new insight from this study suggests
that under equilibrium conditions, the swelling pressure gen-
erated by the combination of proteoglycans and collagen
reinforcement accounts cartilage stiffness formore than 90%
of the loads carried by articular cartilage. This finding is dif-
ferent from the common thought that load is transferred from
fluid to solid and is carried by the aggregate modulus of the
solid. Rather, it is transformed from hydraulic to osmotic
swelling pressure. These results show the importance of con-
sidering both (viscoelastic) collagenfibers aswell as swelling
pressure in studies of the (transient) mechanical behavior of
cartilage.
1 Introduction
Articular cartilage (AC) is a biphasic tissue covering the ends
of bones in diarthrodial joints. Approximately 80% of its
content is fluid and the remaining 20% solid is comprised
of collagen (60–70% of the dry weight) and proteogly-
cans (PGs, 20–30% of the dry weight). AC experiences
cyclic loads, which can reach up to five times body weight
(Bergmann et al. 2014). Normally, the tissue can successfully
carry those loads.
Common understanding is that the applied load is initially
supported by the pressurized interstitial fluid (Ateshian 2009;
Ateshian and Wang 1995; Oloyede and Broom 1993). This
can be explained because of AC’s low permeability, which
traps the fluid in the collagen-PG network becoming pressur-
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ized when the tissue is loaded. This fluid pressure is believed
to shield the solid matrix from overloading (Bonnevie et al.
2012). During fast loading, it has been shown that the fluid
load support exceeds 79% (Li et al. 2014; Bonnevie et al.
2012; Park et al. 2003) leaving the remaining portion of the
load to the solid. Some studiesmayconsider the solid phase as
a homogeneous isotropic elastic material (Li et al. 2014), but
it is generally accepted that the true biomechanical function
results from the combination of reinforcing collagen fibers
and swelling of the proteoglycan-rich ground substance. The
collagen network contributes to the time-dependent behavior
because collagen fibers have flow-independent viscoelastic
properties (Li et al. 1983; Woo et al. 1980; Hosseini et al.
2014). The exact relative contribution of the viscoelastic col-
lagen compared to the hydraulic fluid pressure under various
strain rates has not yet been elucidated. Also, because of
their negative charges, proteoglycans create an osmotic pres-
sure that participates in load sharing (Maroudas and Thomas
1970). Although osmotic swelling has been incorporated by
several groups in computationalmodels of cartilage (Lai et al.
1991; Huyghe and Janssen 1997; Sun et al. 1999; Van Loon
et al. 2003), understanding the nonlinear and time-dependent
contribution of osmotic pressure to the mechanical behavior
of cartilage is challenging (Olsen et al. 2004).
In our composition-based cartilage model, the individual
contribution of osmotic swelling pressure by proteoglycans
and the effect of collagen viscoelasticity are included (Wilson
et al. 2006). This allowsmonitoring the relative contributions
of fluid pressure, osmotic pressure, collagen stress and non-
fibrillar matrix stress as a function of loadingmagnitude, rate
and duration. The aim of the present study is to demonstrate
this relative load sharing under unconfined compression and




In our fibril-reinforced swelling poroviscoelastic model of
AC (Wilson et al. 2006), two changes were implemented:
The isotropic stiffness of the collagen fibers was taken into
account (σf iso), and the stress in the solid phase was divided
by the volumetric deformation J , being the total tissue stress
in each integration point calculated according to Eq. 1. These
adjustments allow the collagenfibers to have stiffness in com-
pression, though very low in comparison with the stiffness in
tension (Römgens et al. 2013). Because of these adjustments,
material properties could not be derived from previous work,
but were fitted to experimental data of unconfined compres-
sion, indentation and swelling (DiSilvestro and Suh 2001)
(“Appendix”). In the updated implementation, the total stress
is given as (Eq. 1):
















whereμf is the fluid pressure, I is the unit tensor, ns,0 is initial
solid volume fraction, J is the determinant of the deformation
tensor F, totf is the number of fibril orientations considered
at each location, ρc is the volume fraction of the collagen
fibrils in the i th direction with respect to the total volume of
the solid matrix, σnf is the stress in the non-fibrillar matrix,
σf iso is the stress in the collagen fiber network, and π is
the osmotic swelling pressure.
The stress in the non-fibrillar network (Eq. 2), including














(F · FT − J 2/3I) (2)
The equation for calculating stress in the collagen network
(σf iso) is given by:
σf iso = σf ef ef + σiso (3)
where σf is described by Eqs. 4–6, ef is the unit vector in
the current fibril direction, and σiso represents the isotropic
stiffness of the fibers which was described with the same
Neo-Hookean model used to describe the stress in the non-
fibrillar network (σnf , Eq. 2), yetwithGmnf replaced byGmf ,
representing the shearmodulus of the collagen fiber network.
σf = λ
J
Pf ef ef (4)
with λ representing the elongation of the fibril. The total
fibril stress, characterized by the nonlinear viscoelastic solid
model shown in Fig. 1, is calculated as:
Pf = P1 + P2 (5)
with P1 and P2 defined as:
P1 = E1
(
eS1εf − 1) for εf > 0
P1 = 0 for εf ≤ 0
P2 = E2
(
eS1εe − 1) = ηε˙v for εe < 0
P2 = 0 for εe ≤ 0
(6)
where E1, E2, S1, S2 and η are material constants, εf is the
total fibril logarithmic strain, εe the strain in the spring S2,
and εv the dashpot strain.
Two groups of collagen fibers were included (Wilson et al.
2005). One group represented the dominant or primary fibers
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Fig. 1 Standard linear solid model representing collagen fiber behav-
ior, with εf the total fibril strain, εv the dashpot strain, and εe the strain
in spring S2. Where S1 and S2 are the stiffness of the springs and η the
viscoelastic constant of the dashpot
with arcade-like orientations (Benninghoff 1925), and the
second group represented a secondary non-aligned fiber net-
work with fibers oriented in seven angular directions in 3D
space (x, y, z, x = y, y = z, x = z, x = y = z) (Wilson
et al. 2005).
The distributions of fluid, fixed charged density (FCD,
derived from fluid volume and PG content) and collagen
contents was implemented depth dependently according to
measured data in the literature, as previously described (Wil-
son et al. 2006).
The material model was implemented in Abaqus 6.11-2
(Dassault Systèmes 2011).
2.2 Simulations
Unconfined compression was simulated on a 3D representa-
tion of an osteochondral plug (φ = 5.6mm, thickness =
1mm), using both load (1 and 2MPa) and displacement
control (5, 10 and 15%). The plug was compressed at var-
ious strain rates (ramp loading at 0.018, 0.5, 5.85, 80 and
360 [mm/min]) by an impermeable platen assuming friction-
less contact. The bottom of the plug was restricted from
displacements in all directions, to represent its attachment to
the subchondral bone. The fluid was allowed to flow freely
out of the free cartilage edges. Additionally, an indentation
experiment (indenter φ = 1mm) with similar boundary and
loading conditions was performed to reduce possible effects
of adverse boundary conditions at the cut circumference of
the cartilage plugs. Fluid flow was allowed on the free car-
tilage surface not in contact with the indenter. To evaluate
time dependency, load sharing was evaluated under loading
at various rates and during stress relaxation. Equilibriumwas
considered complete when fluid pressure dropped to zero and
internal stresses reached constant values.
Each of the four components contributing to the total
stress (Eq. 1) was normalized to the total stress to evalu-
ate its individual relevance in load sharing. Because of the
depth dependency present in AC for its main constitutive
components (Wilson et al. 2007; Halonen et al. 2013), each
component was evaluated in the superficial, middle and deep
cartilage zones for each loading condition.
3 Results
3.1 FEA models
3.1.1 Unconfined compression (strain control)
The maximum fluid pressure, osmotic pressure, collagen
stress and non-fibrillar matrix stress were plotted against the
strain rate for the three locations for 10% strain (Fig. 2).
These three locations were consistently the same for the dif-
ferent strain rates, and the results were monitored at the same
time points. In all locations, hydraulic pressure carried most
of the applied load. In the surface zone, the collagen bore up
to 20% of the load and its contribution increased with strain
rate. In themiddle and deep zones and for the low strain rates,
the osmotic swelling carried almost 40% of the load. In these
zones, the contribution of collagen was negligible.
3.1.2 Unconfined compression (load control)
Under load-controlled compression, similar effects were
observed, with a higher contribution for osmotic pressure in
the deep zone. Because the plots would not add new insight
to the study, the results were not shown.
3.1.3 Indentation (strain control)
Similar trends in load sharing were observed for unconfined
compression and indentation (Fig. 2). However, under the
indenter, the osmotic pressure in the middle and deep zones
was higher than during unconfined compression.
3.1.4 Effect of superficial collagen
In unconfined compression, the tissue expanded radially and
the superficial collagen fibers were strained. This deforma-
tion was dependent on the applied compressive strain, but
was largely independent of the strain rate (Fig. 3).
Because of straining, the superficial collagen fibers devel-
oped more stress than fibers in the middle and deep zones,
which shortened during tissue compression. To evaluate the
relevance of the 20% load carried by the superficial colla-
gen fibers (Fig. 2), the all primary fibrils that bend over in
the middle zone and are oriented radially in the superficial
layer, were replaced by primary fibers that are perpendicu-
lar to the surface, aligning with those in the deep zone. This
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Fig. 2 Contribution of fluid pressure, osmotic pressure, non-fibrillar matrix deviatoric stress and collagen deviatoric stress to load sharing versus
loading rate at 10% compression for elements in the surface, middle and deep zones
significantly reduced the reaction force for the same applied
strain, i.e., cartilage behaved weaker as a consequence of the
change in collagen orientation. This effect was loading rate
dependent. The effect of surface collagen orientation during
indentation was less pronounced than for unconfined com-
pression (Fig. 4).
3.1.5 Stress relaxation in unconfined compression (strain
control)
During stress relaxation, the load support was shifted from
hydraulic to osmotic pressure, which dominated the com-
pressive properties in the middle and deep zones (Fig. 5).
The solid (GAG and collagen) carried considerable load dur-
ing equilibrium in the superficial zone.
4 Discussion
In agreement with common understanding of biphasic
mechanics, fluid pressure initially takes most of the load
applied on cartilage. This is regardless of the loading type
(unconfined compression vs indentation), rate or magnitude.
This study shows that the second most important constituent
for initial load bearing is the collagen network in the super-
ficial zone. During unconfined compression, this may take
20% of the total load in this zone. Without radial alignment
of collagen in the superficial zone, the overall stiffness of
cartilage is reduced up to 50%, depending on strain rate
and magnitude (Fig. 4). These effects are more pronounced
during unconfined compression than during indentation.
After few minutes of sustained loading, the contribution of
hydraulic pressure decreases and osmotic pressure starts to
dominate load carriage in cartilage, taking approximately
95% of the total load throughout the middle and deep zones
in equilibrium. This is in contrast with common thought
that during stress relaxation, load is slowly transferred from
the fluid to the solid phase. This is true for load transfer in
biphasic tissues that do not have osmotic swelling capacity.
However, in cartilage with strong osmotic swelling potential,
the solid is hardly loaded even in equilibrium.Rather, the load
is transferred from hydraulic to osmotic pressure in the fluid.
The relevance of an intact superficial collagen network
for AC mechanics has been shown previously under equilib-
rium conditions (Hosseini et al. 2014; Bevill et al. 2010;
Thambyah et al. 2009). The present study demonstrated
that in addition, the superficial collagen contributed sig-
nificantly to instantaneous cartilage behavior at different
strain rates (Figs. 2 and 4). Interestingly, despite this strain
rate-dependent effect, the superficial collagen strain only
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Fig. 3 Strain in the primary
collagen fibers versus loading
rate for different compressive
magnitudes
Fig. 4 Reaction force recorded
in the platen during unconfined
compression (left) and in the
indenter during indentation
(right) for two strain magnitudes
(10 and 15%)
increased for very low strain rates. At modest strain rates, the
fiber strains reached a limit (Fig. 3), and their contribution to
load bearing did not increase further (Fig. 2). The explana-
tion may be that at low strain rates, fluid may internally flow
or even leave the cartilage. At strain rates above a particular
strain rate, fluid will not have time to redistribute within the
tissue and the cartilage deforms as an incompressible mater-
ial. Under such conditions, the strain distribution within the
tissue may have become less dependent on the strain rate
(Fig. 3). However, this does not mean that the maximum col-
lagen strain has been reached; whenmore strain is applied on
the tissue, the tissue deformsmore and the strain in the super-
ficial collagen fibers follows tissue deformation, reaching a
higher strain level (Fig. 3). This is different under indenta-
tion loading,where total tissuedeformation is less significant,
collagen strain does not reach a limit, and therefore, its effect
on load bearing continues to change with strain rate (Fig. 2).
Based on the above evaluation, wemay speculate that col-
lagen damage is closely related to large forces/deformations
than to strain rate; the dependence on strain rate might only
hold for rates below approximately 80 mm/min. Whether
such speculation holds true remains to be determined in
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Fig. 5 Contribution of the four main components to load sharing dur-
ing stress relaxation under 10% strain. Data are similar for 15% strain
future work. Interestingly, at 10% tissue compression, the
superficial collagen strain is 9%, while it reaches 13%when
the tissue is compressed 15%. Although the damaging strain
limit for collagen type II is unknown, based on experimen-
tal work with other collagen types, it has been previously
assumed that fibers may start degenerating at strains in the
order of about 8% (Hosseini et al. 2014). Thus, this would
indicate that 10% unconfined compression would not result
in significant tissue fibrillation, whereas 15% compression
would. Indeed, it was recently determined that cartilage com-
pressive strain reaches 15% after meniscectomy, and this
condition is known to induce cartilage damage (Párraga
Quiroga et al. 2015).
With regard to damage development, it has been spec-
ulated that the initial hydraulic pressure in the fluid may
protect the matrix from becoming damaged. However, under
sustained loading, it was expected that fluid pressure would
cease and load was transferred to the solid matrix, which
would then become susceptible for damage. Interestingly,
the present study shows that load is not transferred to the
solid matrix, but rather to osmotic fluid pressure, which even
carries 95% of the load. Thus, cartilage properties during
unconfined compression seems to be dominated by a fluid
pressure both initially and during sustained loading, yet of
a different nature. This finding may shed a different light
on the interpretation of past studies to cartilage mechanics
both numerical and experimental. Interpretations related to
load transfer from fluid to solid under sustained loading of
cartilage are to be reconsidered, i.e., if no osmotic swelling
was considered before, the entire load initially carried by
the fluid will necessarily be transferred to the solid during
transient behavior. However, this study shows that the solid
does not take most of the load, but the osmotic pressure
generated due to the proteoglycan content does. This study
also emphasizes the need for the use of models that include
both osmotic swelling and fiber reinforcement to capture the
intrinsic mechanical behavior of cartilage.
Furthermore, the current finding about the importance of
including osmotic swelling suggests that the behavior of the
material when loaded at low strain rates depends largely on
the osmotic swelling, which in turn depends on the PG con-
tent. As strain rates increase, this shifts such that behavior
depends mainly on the water content. Although the amount
of collagen does not seem to have a large influence on AC
mechanical behavior in Fig. 5 of this study, this is not true. It
is only because of the presence of the collagen fibers that the
tissue is able to develop a large osmotic pressure. Without
collagen, the tissue would swell dramatically, which would
then result in a strong reduction in the osmotic pressure.
Using advanced material models that account for osmotic
pressure and fluid, however, also comes with limitations.
The present study uses a 3D model with an idealized shape.
Using a more realistic joint shape in combination with a
sophisticated material description is challenging and com-
putationally expensive (Meng et al. 2014). Simpler material
models have been used to compute mechanical conditions
in more realistic 3D geometries. Simplifications may, for
instance, involve neglecting the osmotic pressure (Jones et al.
2016; Mononen et al. 2016), which this study shows to be
essential for load bearing. As highlighted by Kazemi et al.
(2013), due to smoothing algorithms to obtain the geometry
from images, the obtained cartilage layers are not completely
representative of the actual cartilage. Minor changes in the
thickness can produce different contact. Consequently, the
mechanical conditions are less accurate and this may affect
also outcome parameters such as contact pressure patterns.
A direct comparison between model predictions would be
an interesting future study. Also, larger 3D models require
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Fig. 6 a, c and d Reaction
force normalized to




(DiSilvestro and Suh 2001)
coarser meshes to reduce the total number of elements. This
may affect mesh quality and may not allow to distinguish
appropriately between deep, middle and superficial zones in
the cartilage, with similar inaccuracies in mechanical condi-
tions as a result. Thus, there is always a trade-off between
using realistic geometries and accurate computations from
the tissue material point of view, and the various approaches
provide additional insights in cartilage and joint mechanics.
In the present study, an unconfined compression experiment
of an osteochondral explantwas simulated. Such experiments
are a commonly used alternative to testing the AC in the full
knee joint and are considered to be closer to physiologic con-
ditions than confined compression (Park et al. 2003). Thus,
using this for our study to fundamental cartilage mechan-
ics in combination with effects of indentation is appropriate.
Nevertheless, it would be interesting to compare our find-
ings of the effect of collagen orientation in the superficial
surface against models that use more realistic 3D geometries
(Jones et al. 2016; Mononen et al. 2016). The latter stud-
ies do not consider osmotic pressure. However, the present
study shows that osmotic pressure plays a lesser role in the
superficial zone than in the deep zone (Fig. 2), suggesting
that the effect of collagen orientation in the superficial zone
may be relatively independent of osmotic pressure. A direct
comparison betweenmodels could be of interest in the future.
It should be noted that the above discussion on condi-
tions which might result in collagen damage is speculative.
A true cartilage damage model could assist in answering the
question whether damage would indeed develop under these
conditions.Development and experimental validationof such
model is ongoing (Hosseini et al. 2014).
In conclusion, it is shown that the stress in the non-fibrillar
proteoglycan-rich matrix does not contribute much to load
bearing. Rather, it generates an osmotic pressure that con-
tributes to 95% of the load bearing under slow strain rates or
in equilibrium. In agreement with common understanding,
this study shows that fluid pressure dominates load bearing
immediately upon cartilage loading. Finally, it shows a sig-
nificant contribution for superficial collagen fibers at faster
strain rates.
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Appendix
The updated AC numerical model was fitted to experimental
data fromDiSilvestro andSuh (2001), Fig. 6. Formore details
about the fitting procedures and the parameters fitted, the
reader is referred to Wilson et al. (2005). The final fits and
associated parameters were:
Gmnf = 0.7722; Gmf = 0.01144; E1 = 4.362;
S1 = 14.39; E2 = 20.25; S2 = 43.96; η = 153200.
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